Introduction
The field of cardiovascular MRI (CMR) has evolved rapidly over the past decade, feeding new applications across a broad spectrum of clinical and research areas. The clinical need for speed and efficiency dictated by physiological motion and flow constraints has been a significant motivating force for the development of ever more rapid cardiovascular MR imaging techniques and advanced MR system hardware [1] . Today, a move towards widespread availability of high-field MR systems (B 0 =3.0 T) is underway [2] [3] [4] . Another development that is looming on the CMR research horizon is the move towards ultrahigh-field, whole body MR systems (B 0 ≥ 7.0 T) [5] [6] [7] [8] [9] [10] . The gains in signal-to-noise ratio (SNR), contrast-to-noise ratio (CNR), imaging speed and efficiency associated with increases in field strength promise not only to improve and streamline structural and functional imaging, but also to facilitate targeted tissue characterization through molecular imaging and parametric mapping, and thereby to improve access to (patho)physiological processes and mechanisms.
Such improvements would benefit an ever-growing set of indications for CMR, including the detection and differentiation of ischemic and inflammatory disorders [11] . CMR has the unique potential to differentiate prospectively between reversible and irreversible myocardial injuries [12] , and to detect small regions of myocardial fibrosis [13] or inflammation [14] [15] [16] [17] [18] . Quantification of MR signal changes enables monitoring of disease processes on a tissue level, which has clinical implications for the non-invasive workup of inflammatory disease [19] . From the clinical point of view, an early and robust detection of myocardial injury could enable tailoring of therapeutic strategies to prevent or delay disease progression. For other disease processes, CMR has as of yet untapped potential. Left ventricular (LV) dysfunction is an important early indicator of many cardiac diseases including coronary artery disease, congestive heart failure, hypertrophic cardiomyopathy, valvular heart disease, diabetes mellitus and hypertension. Whereas in diseases with impaired systolic function the diagnostic criteria are well known, CMR detection of diastolic dysfunction remains an unmet clinical need because of current deficits in the temporal resolution of MRI. Also, the non-invasive assessment of perfusion defects is of paramount clinical interest, e.g., to address the unsolved problem of differentiating significant subepicardial stenosis from microvasculature changes. It is well known that in several diseases like arterial hypertension and diabetes mellitus, the detectable myocardial ischemia is not induced by significant stenosis of the large vessels. Quantitative approaches including emerging technologies such as blood oxygen level-dependent T 2 *-mapping may help to overcome that hurdle and hence may offer the opportunity to eventually reduce the number of non-therapeutic cardiac catheterizations. For all these reasons, it is appealing to pursue the development and clinical implementation of ultrahigh-field CMR applications.
Unfortunately, the image quality achievable at ultrahigh fields is not always exclusively defined by SNR considerations. For example, in current practice, some of the inherent advantages of ultrahigh-field MRI are offset by the simple practical challenge of synchronization of data acquisition with the cardiac cycle using conventional ECG. Other practical impediments are associated with magnetic field inhomogeneities, off-resonance artifacts, dielectric effects and RF non-uniformities, localized tissue heating and RF power deposition constraints. All of these effects can undermine the benefits of ultrahigh-field strengths, in many cases making it a challenge even to match the image quality of CMR at 1.5 T. Still, the promise of increased spatial-temporal resolution afforded by ultrahigh-field strength is a powerful motivator, since speed and signal may both be invested to overcome the fundamental constraints that continue to hamper some of the low-field CMR applications. If practical challenges can be overcome, ultrahigh-field CMR will open the door to new approaches for both basic science and clinical research.
In the sections that follow, examples of ultrahigh-field CMR imaging strategies and their clinical value are provided. Unsolved problems and unmet needs are also considered carefully in an attempt to stimulate the imaging community to throw further weight behind the solution of these issues. First, key concepts, technical solutions and practical considerations for CMR at 7 T are outlined. Current trends-such as the trend towards multiple transmit architecture-are surveyed. A concluding section explores future directions. Of course, ultrahigh-field CMR is an area of vigorous ongoing research, and many potentially valuable developments will receive only brief mention here.
Key concepts and technical solutions for CMR at 7 T

Parallel transmit architecture
The requirements of CMR at 7 T are a strong driving force for further advances in RF coil technology and MR system architecture. As a deep-lying organ surrounded by inhomogeneous tissue structures within the comparatively large volume of the thorax, the heart is particularly susceptible to wavelength-related RF field focusing and distortion effects that accompany ultrahigh magnetic field strengths. One recent development that can counteract or harness these effects is the extension of the parallel receive concept to the realm of RF transmission. Parallel excitation approaches [20, 21] using arrays of independent RF synthesizers and transmit coil elements have been shown to allow exquisite control over the electromagnetic fields by modulating amplitude, phase and frequency used for excitation of the MR signal of each transmit channel independently. Early versions of parallel transmit systems were constructed either by using custom equipment or by integrating multiple sets of commercial MR system electronics [20] [21] [22] [23] . Commercial systems with two integrated transmit channels have since appeared, and continued development may be expected.
The multiple transmit approach, taking advantage of interferences between distinct transmit elements, may be used to mitigate field-strength-related constraints such as (1) exacerbated conductive and dielectric effects in tissue that manifest as local/regional signal inhomogeneities resulting from B 1 non-uniformities or even signal voids, and (2) increased and locally focused RF power deposition (quantified as specific absorption ratio, or SAR) that can cause local tissue heating. There is a fundamental tradeoff between correction of signal inhomogeneities and reduction of SAR, with improvements in one necessitating degradations in the other; however, the degrees of freedom inherent in parallel transmission have been shown to allow the design of simultaneously SAR-reduced and highfidelity RF excitation pulses, thereby improving management of the tradeoff [24] .
The degrees of freedom associated with distinct RF excitation waveforms may also be used, in close analogy to parallel reception, as a means of accelerating complex RF pulses-a concept termed transmit parallel imaging or transmit SENSE [23] . Another fundamental tradeoffbetween excitation pattern complexity and RF pulse duration-may also, therefore, be managed effectively with parallel excitation. For example, parallel transmit techniques have been productively employed for spatially selective excitation of arbitrary target patterns [25] . Potential applications include targeted or curved excitation and zoomed imaging using an FOV smaller than the object size [26] . Zoomed imaging with tailored parallel transmit pulses can be accomplished without the risk of aliasing artifacts since magnetization is only excited in the target area, which has tremendous practical implications for future cardiac imaging applications.
Other applications of parallel transmit MRI take an approach that has been called B 1 + shimming [27, 28] , which improves the homogeneity of the transmit component of the RF magnetic field. B 1 + shimming is a special case of fully parallel transmission in which the driving amplitude and phase, rather than the full time-dependent RF waveform-are adjusted at multiple transmit ports or coils in order to tailor excitation patterns. B 1 + shimming has typically been used to reduce RF non-uniformities, to maximize B 1 + coherence and to enhance the excitation efficiency as well as SNR and tissue contrast for target locations in the body. In the period of early development of B 1 + mapping and B 1 + shimming techniques and in the explosion of alternative approaches that followed, neurovascular and cardiovascular implementations abounded. For example, Fig. 1 shows a four-chamber view of the heart acquired at 7.0 T using a 4-channel cardiac customized transmit/receive coil with and without B 1 + optimization. Images acquired without B 1 + shimming (Fig. 1a) , i.e., same transmitter amplitude, phase and frequency for each of the four transmit channel display RF inhomogeneity-related signal voids in the myocardium or blood pool. In comparison, B 1 + shimming (Fig. 1b ) using specific settings in transmitter amplitude, phase and frequency for each individual transmitter produces images with markedly enhanced signal homogeneity. Simulations predicted that further improvements in B 1 + homogeneity can be achieved by increasing the number of transmit coil elements, for example, by moving from four to eight elements.
Transmit/receive cardiac coil arrays
The RF inhomogeneities in large body regions such as the thorax are generally so significant, in fact, that traditional birdcage body coils are no longer used for signal excitation at 7 T, and large volume body coils are not even provided with commercial 7.0-T scanners. Transmitreceive (TX/RX) structures are therefore not a nicety, but a necessity for ultrahigh-field CMR. In RF coil array configurations customized for CMR, the coil elements located on the chest wall and towards the left side are of chief importance due to the heart's position in the chest cavity. The use of comparatively small, deep-lying fields of view with multiple subject-specific oblique image plane orientations, together with considerations of patient comfort and the need to control RF energy deposition in tissue, presents a challenge for the design of transceive cardiac coil arrays. While it is possible to combine singleelement transmit designs with multi-element receive arrays, the use of transmit-receive arrays with the capability for RF shimming or fully parallel transmission is prudent for the attainment of routine clinically acceptable image quality. Recent prototypes for 7.0-T transceive torso coil arrays used for CMR have typically been laid out as strip line elements on rigid or semi-flexible frames. In one leading-edge design, each element in a so-called transverse electromagnetic (TEM) transceiver array was connected to a dedicated RF power amplifier with independent phase and magnitude control, a transmit/ receive switch and a preamplifier for reception [5] . Other versions of cardiac-optimized 7.0-T transceiver arrays have used flexible designs consisting of a pair of fourelement strip line arrays, one placed anterior and the other posterior to the torso [6, 29] , with element spacing carefully selected for decoupling as shown in Fig. 2a . A subsequent cardiac-optimized 7.0-T transmit-receive configuration has used loop elements rather than strip lines. This four-element design has two rectangular loops, each with a loop size of 13×20 cm 2 mounted on an anterior former, and two similar rectangular loops on a posterior former, curved to conform to an average torso as illustrated in Fig. 2b [30] . The coil elements were overlapped for the purpose of nearest neighbor decoupling, with further decoupling accomplished with a common conductor shared by pairs of loops, together with a decoupling capacitor. Recently, an 8-channel TX/RX cardiac/body coil design was proposed [31] , which comprises five angled loops for the anterior and three planar loops for the posterior part, as demonstrated in Fig. 2c .
Since sophisticated multi-transmit MR systems are not widely available yet, comparatively simple coils have also been used, with an effort to optimize the design for cardiac imaging. One example shown in Fig. 2d is a simple quadrature coil for cardiac imaging at 7 T [9] , with a design tailored to produce B 1 + fields with no tissueinduced signal voids within the heart. Using this setup, morphological, functional cardiac imaging plus coronary artery imaging has been performed successfully, though the limited depth penetration remains a concern for patients with a large body mass index.
Further developments are expected in array design for CMR at 7 T. Though the broad spectrum of CMR applications makes it challenging to identify a single optimal many-element transceive coil array design, the selected design should meet the following minimum requirements: (1) light weight; (2) capable of accommodating multiple patient positions, body habitus and anatomical variants; (3) ease of clinical use; (4) sensitive region large enough to cover the cardiovascular anatomy of choice (for example, heart+pulmonary vessels); (5) for the case of parallel reception, a desirable noise amplification profile for image planes of interest, and for parallel transmission and reception, a multidimensional arrangement of coil elements to enable multidimensional accelerations and patient comfort.
While much of the work on transmit-receive array structures for CMR is currently occurring at 7.0 T, recognition of the benefits of these structures may result in an eventual migration to 3.0 T, where the RF inhomogeneity effects for CMR, though somewhat reduced, remain significant.
Novel cardiac gating and triggering technology
As ultrahigh-field cardiac MRI becomes more widespread, the significance of artifact sensitivity of ECG recordings increases and with it the motivation for a practical gating/ triggering alternative. Since ECG is an inherently electrical measurement with electrically active components [32] , it does carry a risk of surface heating of patients' skin and even of severe skin burns resulting from induction of high voltages in ECG hardware [33] [34] [35] [36] [37] . that uses loop elements rather than strip lines [30] , (c) an 8-channel TX/RX coil design [31] , which comprises five angled anterior plus three planar posterior loops and (d) a quadrature coil [9] ECG and even advanced vector-cardiogram (VCG, [38] ) approaches are corrupted by interference from electromagnetic fields and by magneto-hydrodynamic effects that increase with increasing magnetic field strengths [39] . Consequently, artifacts in the ECG/VCG trace and T-wave elevation might be misinterpreted as R-waves resulting in erroneous triggering together with motion-corrupted image quality, an issue that is pronounced at ultrahigh fields. For all of these reasons, a non-invasive acoustic cardiac triggering (ACT) approach (which may also be termed "MR stethoscopy") was recently proposed in the pursuit of reliable cardiac gating [40] , as illustrated schematically in Fig. 3 . ACT does not require any hardware or software changes on the scanner side and ensures full compliance with safety regulations for medical devices. The MR stethoscope presents no risk of high voltage induction and patient burns, is suitable for a broad range of magnetic field strengths, and provides patient comfort, ease of clinical use, insensitivity to electromagnetic fields and high trigger reliability. Acoustic cardiac gating was found to meet the demands of CMR applications at 1.5 T, 3.0 T and 7.0 T, including breathhold and free-breathing acquisition strategies together with prospective and retrospective triggering regimes [7, 41] . For example, the MR stethoscope provided phonocardiograms at 7.0 T free of interferences from electromagnetic fields or magneto-hydrodynamic effects, as shown in Fig. 3b . Frequent R-wave mis-registration has been reported for ECG triggered CMR at 7.0 T [42, 43] , which manifests itself in a severe jitter of R-wave recognition tickmarks as demonstrated in Fig. 3a . Consequently, 25% of the subjects needed to be excluded from left ventricular function assessment because of ECG-triggering issues in 2D CINE imaging at 7.0 T [43] . Acoustically triggered CINE imaging at 7.0 T produced images free of motion artifacts for all slices as shown in Fig. 4b . In contrast, ECG-triggered CINE imaging was prone to severe cardiac motion artifacts if R-wave misregistration occurred as illustrated in Fig. 4a . In this example of erroneous ECG triggering, cardiac motion Interference by electromagnetic fields and magneto-hydrodynamic effects cause severe distortion in the vector ECG waveform acquired during free breathing, resulting in erroneous trigger recognition, which manifests itself in a severe jitter in the R-wave recognition. In comparison, ACT is free of interferences from electromagnetic fields and magneto-hydrodynamic effects, and provides a reliable trigger signal free of jitter even in the presence of free breathing. Note that neither the limited ECG in the MR scanner nor the acoustic waveforms shown here should be treated as reliable indicators of patient emergency conditions induced blurring in 9 out of 18 slices. Practically speaking, this corresponds to an ECG failure rate of up to 50%.
Practical considerations and early applications of CMR at 7 T
MR safety CMR at 7.0 T falls into the controlled operating mode category of static magnetic field limits recommended by the International Commission on Non-Ionizing Radiation Protection (ICNIRP) [44] . At 7.0 T there is a need to ensure that subjects are moved slowly into the magnet bore to avoid the possibility of vertigo and nausea [44] . Thresholds for motion-induced vertigo have been estimated to be around 1 Ts -1 for greater than 1 s [44]. Avoiding these sensations is likely to afford protection against other effects of induced electric fields and currents that arise as a consequence of motion in a static magnetic field [44] . For all these reasons, patient table motion is recommended to be lower than 1 Ts -1 . Hence, it is recommended to set table motion to be inversely proportional to the gradient in the magnetic field strength. The MR safety assessment of implants, intracoronary stents and other implantable medical devices at 7.0 T is at a very early stage of exploration. Consequently, it is too early to make ultimate statements, so that implants, intracoronary stents, pace makers, mitral and aortic valve replacements, cochlear implants, insulin pumps, neuro-stimulators and other implantable medical devices are currently considered to be contraindications for CMR at 7.0 T, unless otherwise certified or approved for 7.0 T.
Assessment of global cardiac function and myocardial wall motion
Dynamic CINE imaging of the heart is of clinical relevance for the assessment of cardiac morphology, myocardial contractile function and wall motion. Since the late 1990s, steady-state free precession (SSFP) techniques have been known to provide a consistently high SNR and high native contrast between myocardium and the ventricular cavity throughout the cardiac cycle. SSFP CINE imaging is a clinical workhorse at 1.5 T. Twodimensional CINE SSFP imaging at 7.0 T remains elusive because of RF power deposition constraints and due to pronounced banding artifacts. Here, the use of spoiled gradient echo CINE imaging presents a valuable alternative. A recent report demonstrated that cardiac chamber quantification at 7 T using 2D CINE FGRE is feasible and agrees closely with LV parameter derived from 2D CINE SSFP imaging at 1.5 T [45] . In detail, no significant difference was found for ejection fraction and cardiac volumes between SSFP at 1.5 T and FGRE at 7.0 T. Cardiac mass derived from FGRE at 7.0 T using a slice thickness of 7 mm, which is commonly used in current clinical practice, was slightly larger than that obtained from SSFP at 1.5 T. Agreement of cardiac mass obtained from SSFP at 1.5 T and FGRE at 7.0 T was improved when using a slice thickness of 4 mm at 7.0 T.
At 7.0 T, prolongation of the T 1 of blood and myocardium manifests itself in an improved contrast between myocardium and blood that is superior to that obtained for gradient echo imaging at 1.5 T. Unlike 1.5-T acquisitions, this contrast exists not only for short-axis views of the heart placed perpendicular to the blood flow, but may also be observed for long-axis views parallel to the blood flow, as demonstrated in Fig. 5 . Consequently, fine, subtle anatomic structures, such as the pericardium, mitral and tricuspid valves and their associated papillary muscles, and trabeculae are identifiable. In another example shown in Fig. 6 , the baseline SNR gain at 7.0 T was translated into a reduction of the slice thickness, which was set to values as low as 2.5 mm, while accomplishing a 1 mm 2 in-plane spatial resolution. This helps to reduce partial volume effects, which may be particularly useful for visualizing small, rapidly moving structures such as valve cusps, assessing subtle anatomical features such as trabeculae or extending morphologic assessment to the right ventricle.
Magnetic resonance angiography
Phase-contrast MRA at ultrahigh fields promises to tolerate larger deviations from the ideal encoding velocity, especially in the case of slow flow, due to the reduced phase noise level [3] . The SNR increase depicted in Fig. 7 for magnitude images obtained at 7.0 T vs. 1.5 T is accompanied by an increase in the velocity-to-noise ratio. Further in vivo studies are required to compare quantitative flow measurements at ultrahigh fields with measurements at 1.5 T and 3.0 T, and to extend such approaches to small vessels such as coronary arteries. In this context, another intriguing and rapidly advancing area of high-field CMR is time-resolved 3D imaging of flow connectivity together with the generation of particle trace maps [46] . This approach promises to provide new insights into temporal and spatial evolution of flow in large vessels and in the cardiac chambers. The benefits of such improvements would be legion, including improved morphological and functional assessment of the normal or diseased cardiovascular system. The SNR advantages of ultrahighfield imaging, moreover, raise the prospect of extending existing 4D phase contrast strategies to whole-heart acquisitions.
Very preliminary results obtained at 7.0 T [8] suggest that the use of ultrahigh-field strengths in conjunction with pulse sequences optimized for 7.0 T and tailored RF coil array designs may enable coronary MR angiography (cMRA) [47] . Despite the baseline SNR improvement at 7.0 T, the issue of off-resonance sensitivity of SSFPtechniques remains a severe concern at 7.0 T, which has prompted a return to gradient-echo imaging techniques in Fig. 5 2D FLASH CINE images acquired at diastole (top) and systole (bottom) using a 4-channel transmit/receive RF coil array at 7.0 T. Slice locations representing a mid-cavity short-axis view (left), four-chamber view (center) and two-chamber view (right) are shown coronary artery imaging. Using a quadrature transmit/ receive coil at 7.0 T together with a gradient echo imaging technique, it has very recently been shown that 7.0-T coronary MRA image quality may already begin to approach that at 3.0 T (Fig. 8) at this early stage of the development process [47] . In this pilot study, vessel sharpness at 7.0 T was found to be improved compared to that at 3.0 T.
Perhaps UHF MR forms another important enabling factor to transform the baseline SNR advantage into improved spatiotemporal resolution of contrast-enhanced MR angiography (MRA). Here, research continues to Ultrahigh-field MR techniques are also in the spotlight for quantitative CMR applications that aim at parametric mapping for non-invasive tissue characterization. For example, blood may be used as an endogenous marker together with susceptibility-weighted imaging or quantitative T 2 * mapping. Because of the super-linear relationship between magnetic field strength and microscopic B 0 inhomogeneities, access to susceptibility-weighted imaging and mapping at 7.0 T would make it easier to differentiate healthy tissue from myocardial regions with perfusion deficits due to enhanced differences in T 2 *. T 2 * mapping at 7 T also may help to extend the capabilities of the established approach used for quantification of myocardial iron content [49] . Figure 9 illustrates preliminary results of a pilot study on susceptibility weighted myocardial imaging and T 2 * mapping at 7.0 T. No severe susceptibility artifacts were detected in the inferoseptal myocardium and in the anterior lateral wall for TE up to 10.2 ms. For posterior myocardial areas close to the main cardiac vein susceptibility-related signal voids were observed even for the minimum TE of 3.06 ms. T 2 * maps showed significant non-uniformity in T 2 * across the myocardium. For example, the inferoseptal segment revealed a T 2 * value of (6.8±0.4) ms. In comparison, T 2 *=(14.7±4.7) ms was obtained for the anterior region with a maximum of 24.2 ms at diastole. Posterior myocardial areas close to the main cardiac vein showed T 2 *=(1.5±0.4) ms. It should also be noted that T 2 * varied across the cardiac cycle as illustrated in Fig. 9 , which shows a diastolic myocardial T 2 * color map superimposed on the corresponding 2D CINE FLASH image together with a whole R-R interval time series of one-dimensional projections of T 2 *. Fig. 9 Myocardial T 2 * color map obtained from 7.0 T gradient echo acquisitions using echo times equally spaced between TE= (3.06-12.24) ms superimposed on the corresponding 2D CINE FLASH image (TE=3.06 ms) together with whole R-R interval time series of 1D projections of T 2 * along the profile marked by a dotted line in the short axis view. Note the change in T 2 * across the cardiac cycle. For example, T 2 * was found to be approximately 15 ms for systolic cardiac phases and approximately 25 ms for diastolic cardiac phases for a region of interest located in the anterior myocardium Fig. 8 Comparison of right coronary artery images derived from the same subject at (left) 7.0 T and (right) 3.0 T [47] . Gradient echo imaging (TR/TE/FA 4.3 ms/1.38 ms/15°, data matrix 512×312) using a spatial resolution of (0.82×0.82×2) mm 3 was performed. For signal transmission and reception, a local quadrature coil was used at 7.0 T. A large-volume body coil was used for excitation at 3.0 T in conjunction with a six-element cardiac optimized receive array. At this early stage of the development, this study shows that 7.0-T RCA images can already be acquired with image quality comparable to those using much more sophisticated many element RF coil receive arrays at 3 T
Future directions
As 7-T CMR applications become increasingly used for research, they should help to advance the capabilities of MRI for the assessment of heart disease. However, it should be noted that CMR at 7.0 T is still in its infancy and needs to continue to be very carefully validated against CMR applications established at 1.5 T and 3.0 T. For example, first contrast agent passage perfusion imaging and late contrast enhancement studies have not been reported for 7.0 T yet. Although CMR at 7 T is still an emerging area, it may be expected to continue to drive future technological developments. Taking the speed of progress into account, an optimistic practitioner might envision a clinical role for tailored 7-T CMR applications in the future, though this is, for the moment, merely a vision. It is nonetheless a vision that continues to inspire basic and clinical research into CMR at 7 T. The field may still be evolving, but it is also maturing. Demonstrable progress in 7-T CMR technology and methodology is providing encouragement for the imaging community to tackle the solution of the many outstanding issues. Economic and ergonomic requirements are likely to motivate shorter and less expensive magnets and novel radio-frequency hardware tailored for 7 T. One important development on the hardware horizon is the advent of actively shielded 7.0-T MR systems, which will be far more compatible with installations in clinical imaging suites than current models used in basic research requiring hundreds of tons of shielding. Access to shorter magnets -the recently introduced generation of actively shielded 7.0-T magnets has a length of approximately 255 cm, while the passively shielded version runs a length of approximately 336 cm-would be beneficial if not essential to relax ergonomic constraints, to improve patient comfort and to advance interventional CMR applications at 7.0 T. The latter requires extra careful safety measurements including assessment of (1) displacement because of magnetic forces and (2) heating of tissue before interventional and implantable devices-which might be already certified for 1.5 T and 3.0 T-can be declared to be MR safe at 7.0 T. The requirements of CMR at 7.0 T are also likely to pave the way for further advances in RF coil technology, including a broad move to multi-transmit MR systems equipped with eight or more transmit channels. In short, while today's ultrahighfield CMR techniques remain in a state of creative flux, productive engagement in this area continues to drive further developments.
